Synthetic polymers possess more reproducible physical and chemical properties than their naturally occurring counterparts. They have also emerged as an important alternative for fabricating tissue substitutes because they can be molecularly tailored to have vast array of molecular weights, block structures, active functional groups, and mechanical properties. To this date however, there has been very few successful and fully functional synthetic tissue and organ substitutes and with the rapidly spreading 3D printing technology beginning to reshape the tissue engineering and regenerative field, the need for an effective, safe, and bio printable biomaterial is becoming more and more urgent. Here, we have developed a synthetic polymer from controlled living radical polymerization that can be printed into well-defined structures.
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Introduction
The complexity of biological tissues and organs is not limited to chemical and biological compositions but also in structure and configuration. Although significant achievements have been made using three-dimensional scaffolds for certain tissues [1] , more complex structures such as liver, kidneys and heart are more difficult to reproduce. It is thus important that for efficient replication of tissues and organs, smart and computerised methods of fabrication are used. Three-dimensional printing offers the capability to fabricate highly complex and intricate anatomical structures that would not be possible by any other method. The process of printing 3D constructs using layer-by-layer deposition with or without automation has been around for more than three decades [2] . However, the application of this technology in the medical sector only emerged in the early 2000s with the introduction of inkjet printing of viable cells [3] [4] [5] . This quickly led to the printing of bone defects, stents and splints, and the first 3D printed blood vessels [6] [7] [8] . Today 3D printing has gained enough momentum to foster new investments in complex 3D bioprinting machines specifically designed for the detailed printing of cell laden structures. The most common methods of 3D boiprinting are inkjet and microextrusion based printing. Microextrusion printers use pneumatic [9] or mechanical (piston or screw) [10] dispensing systems to extrude continuous strands of material and/or cells. Moreover, microextrusion printing requires different material property requirement which may include thermoresponsive hydrogels, photocurable polymers, or cell pellets [11] . This allows for printing of semi-solid materials that can temporarily hold their shape and structure post printing unlike the inkjet base method. However, this can be a double edged sword since viscous and semisolid materials require more pressure to be extruded out; cell viability is compromised particularly when using small gauge needles due to shear stress [12] . Additionally, printed materials need to be strong enough to support the weight of the upper layers. To achieve maximum structural strength post printing, stimuli responsive polymers are generally used. There are a number of naturally occurring materials that can be utilised for such propose including gelatin, collagen [5] , alginate [13] , and fibrin [14] .
However, most of these naturally occurring materials have limited mechanical strength for most clinical applications. To overcome this, chemical modification to likes of gelatin yielded mechanically stable and printable material [15] , but the biggest issue concerning biological risk and rejection remains [16] . While natural hydrogels are largely considered to be the most effective forms of chronic wound therapy, safety concerns and difficulty in scale-up continue as potential constraints natural hydrogel therapies. Thus, the design and synthesis of synthetic hydrogels with well-defined compositions, architectures, and functionalities that promote cell survival and proliferation is a challenging task in materials science.
To overcome the complications associated with naturally occurring polymers such as immunogenicity and structural integrity, we synthesised a unique copolymer with functional vinyl groups using controlled chain growth (in situ Deactivation-enhanced atom transfer radical polymerisation, DE-ATRP) [17] . This method of synthesis provides greater control over the reaction conditions and yields polymers that accurately depict the required properties such as molecular weight and polydispersity index. Moreover, we can control the branching degree without causing gelation. We opted to use hyperbranched polymers because compared to linear polymers, hyperbranched display a number of unique advantages, such as low solution and melt viscosity, and high functionality [18, 19] . By controlling the branching and preventing gelation, the vinyl functional groups (contributed by the poly (ethylene glycol) diacrylate component of the polymer) enable the copolymer the capability of easy tailoring and photo-crosslinkable property. Furthermore, the PEG based structure which is often considered to be nontoxic, nonimmunogenic and have a bio-compatible composition [20, 21] but its inert nature means it can as protein repellent, preventing interaction with extracellular proteins and cell attachment. This drawback was circumnavigated by the impregnation of gelatine-methacrylate (gel-MA) coated PLGA microparticles (MPs) in the hydrogel to promote cell adhesion and proliferation. To synthesise a polymer that supports cell growth and is 3D printable undoubtedly offers new opportunities for the development of functional synthetic tissue equivalents.
Methods

Polymer Synthesis and characterisation
The PEGMEMA-MEO 2 MA-PEGDA copolymer was synthesised by the copolymerising of Surface Modification of PDLLGA Microspheres: Gelatine methacrylate (gel-MA) is prepared following a recently published method [22] .
Low pressure oxygen plasma etching treatment was performed to introduce active oxygen species to the surface. Briefly, 500 mg of P DL LGA microspheres were put in empty 25ml glass vials in a plasma machine chamber and kept rotating at 60 rpm using a special rotary holder. Chamber pressure was pumped down to 20 mbar then oxygen gas was pumped into the chamber for 2 minutes to obtain a working pressure of 50 mbar. As working pressure was maintained at 50 mbar with continuous oxygen gas supply, plasma activation was initiated at full electrode power at 100 KW for 5 minutes. Following plasma activation, chamber was purged with nitrogen gas for 2 minutes to dispose reactive oxygen ions and then air vented to atmospheric pressure to collect the samples. Following plasma treatment, PLGA MPs were dispersed in 2 ml of gel-MA solution (10%) and kept stirring for 24 hours to allow enough time for surface modification. Treated microspheres were later washed twice with water, freeze-dried, and stored at -20 °C for later analysis (Methods 2).
3D bioprinting procedure
To make the polymer more semi-solid than viscous, 5% sacrificial porcine gelatin (sigma, 
Tensile testing of hydrogels
The tensile properties the hydrogels were measured at room temperature using a Universal
Texture Analyser (TA-HD Plus, Stable Microsystems, USA). The grip section of each dumbbellshaped gel was wrapped with paper towel to improve gripping. A constant deformation speed of 0.5 mm s−1 was applied during the test. The tests were stopped after the samples broke. The initial grip separation was set at 10 mm.
Mammalian cell viability
The LIVE/DEAD® Cell Viability Assay (ThermoFisher scientific) was performed to evaluate the metabolic activity of NIH/3T3 fibroblasts in the 3D cell culture system. The NIH/3T3
fibroblasts (Four million cells per milliliter were used) were encapsulated in 3D hydrogels as The data obtained from the images was used to determine cell viability and proliferation.
Statistical analysis
All data are expressed as mean ± standard deviation of triplicate samples. Comparisons between multiple groups were performed using one-way ANOVA. All analyses were performed with GraphPad Prism 5 (CA, USA). Differences between two datasets were considered significant when P <0.05.
Results
The facile and versatile approach to the formation of highly branched polymer architectures through a reversible activation (or deactivation) controlled polymerization of multifunctional vinyl monomer is a significant discovery [23] . This strategy overcomes the published limitations, and most importantly, there is no restriction on the concentration of multifunctional vinyl monomer. Moreover, multifunctional vinyl monomers can even be homopolymerized to form hyperbranched polymer structures rather than cross-linked networks. The key has been to find a method for slow growth of each independent and complex hyperbranched molecule that avoids cross-linking. For the copolymerisation of Poly (PEGMEMA 500 -co-MEO 2 MA-co-PEGDA 258 ) (termed PMP), in situ DE-ATRP is used to prevent gelation and obtain yields above 50% (Table 1) which are normally not possible using conventional radical polymerisation. Moreover, a polymer with high molecular weight and branching degree is obtained (Figure 1 ). These properties become important in the physical behaviour of the hydrogel. For example, higher branching degree means more functional groups for further characterisation. The polymer structure was determined using proton NMR (A) and the molecular weight and polydispersity index were measured using Gel Permeation Chromatography (GPC) (B). Proton NMR samples were taken at the end of the reaction while GPC runs were taken at half-hour intervals to monitor the reaction progress. 
A B
We measured the tensile properties of the polymer with different concentrations and compared it to gel-MA. The tensile properties of these materials were assessed using moulded dumbbell-shaped samples, and are shown in Figure 2 . The modulus and strain of the gels increased when increasing the concentration. The gels showed an increase in all three mechanical properties (modulus, ultimate tensile strength, and failure strain) compared to gel-MA gels, with a maximum 80% increase in elastic modulus. While higher concentrations can further increase the modulus and strength of gels, they can also reduce the transportation of nutrients [24] [25] [26] and cell viability [27, 28] . The biocompatibility of bio-inert hydrogels (including the one reported here) has been previously reported in the clinical setting [29] . 
B A C
Mechanical properties were measured using texture analyser were the elastic moduli, and strain were calculated from force and distance (B and C).
The potential application of synthetic polymers, such as PMP, as cellular support materials for tissue regeneration in chronic wounds requires the polymer to not only support cell survival, but also proliferation and growth. When fibroblasts were seeded inside the PMP hydrogel cell viability remained over 90% for 7 days ( Figure S1 ). However, the cells did not proliferate in the hydrogel over the same period, contrary to fibroblasts seeded in collagen or on 2D culture flasks ( Figure 3) . It is very probable that the chemical composition and inert nature of the polymer prevents cell attachment [30] which can be identified by the clear round morphology of the cells (Figure 3, B) unlike the stretched and elongated shape seen on cells seeded inside collagen (Figure 3, A) .
The PMP polymer can be printed into a millimetre-precise shape with multiple layers with the aid of sacrificial thickening agent (gelatine). The printing, which utilises a 25 gauge needle (0.26 mm nominal inner diameter), did not influence cell viability or proliferation (Figure 3 E). The preferential cell proliferation points to the need for providing cell-spreading supporting environment to induce cell proliferation within the PMP hydrogel [31] . To do this, gelatine-methacrylate (gel-MA) coated PLGA microparticles (MPs) were mixed with the hydrogel solution before crosslinking. Poly (lactic-co-glycolic acid) microspheres were prepared by the commonly used emulsion based technique, as previously reported [32] . Low pressure oxygen plasma etching treatment was performed to introduce active oxygen species to the surface of the PLGA microspheres. 
Conclusion
In summary, we have successfully synthesised a photocrosslinkable, 3D printable PEG based hydrogel using DE-ATRP that is nontoxic, nonimmunogenic and its inert nature circumnavigated by the impregnation of gelatine-methacrylate (gel-MA) coated PLGA microparticles to promote cell adhesion and proliferation. The inclusion of the MPs increased cell proliferation in the hydrogel which suggests that is method is a good alternative to chemical modification such as the use of RGD peptides which have selectivity and reliability issues. Moreover, the polymer can be 3D printed into precise shapes using layer-by-layer 3D
printing without damaging the cells in the process. These results are preliminary and prove the potential of combinatorial use of synthetic hydrogels and microparticles in the 3D printing of tissues.
